Noninvasive monitoring of blood glucose concentration in diabetic patients would significantly reduce complications and mortality associated with this disease. In this paper, we experimentally and theoretically studied specificity of noninvasive blood glucose monitoring with the optical coherence tomography (OCT) technique. OCT images and signals were obtained from skin of Yucatan micropigs and New Zealand rabbits. Obtained results demonstrate that: (1) several body osmolytes may change the refractive index mismatch between the interstitial fluid (ISF) and scattering centres in tissue, however the effect of the glucose is approximately one to two orders of magnitude higher; (2) an increase of the ISF glucose concentration in the physiological range (3-30 mM) may decrease the scattering coefficient by 0.22% mM −1 due to cell volume change; (3) stability of the OCT signal slope is dependent on tissue heterogeneity and motion artefacts; and (4) moderate skin temperature fluctuations (±1
Introduction
Diabetes mellitus is a chronic systemic metabolic disease that affects approximately 17 million people in the USA (or 6.2% of the population) and more than 140 million people worldwide (this number is expected to rise to almost 300 million by the year 2025). Along with its complications, including cardiac diseases, stroke, high blood pressure and blindness, this disease results in about 200,000 deaths in the USA every year (National Institute of Diabetes and Digestive and Kidney Diseases 1994, American Diabetes Association 1998).
Diabetes develops when the pancreas produces insufficient amounts of insulin to meet the body's needs (insulin-dependent diabetes mellitus (IDDM) or type I diabetes), or when the pancreas produces insulin, but the cells are unable to efficiently use it in order to metabolize glucose (non-insulin-dependent diabetes mellitus (NIDDM) or type II diabetes). As a result, a high and potentially dangerous concentration of glucose can be accumulated in blood (hyperglycemia). In addition, recent studies demonstrate that intensive insulin therapy of patients with type I diabetes could significantly increase the risk of severe hypoglycemia (Diabetes Control and Complications Trial Research Group 1997) , a dangerous condition sometimes resulting in coma or even death.
Glucose is a monosaccharide sugar with chemical formula C 6 H 12 O 6 . The normal range of glucose concentration in human blood is 70 mg dl −1 to 160 mg dl −1 (3.9-8.9 mM, 1 mM = 18.0 mg dl
) depending on time of last meal, extent of physical tolerance and other factors. Monitoring of the glycemic status in patients with diabetes is considered a cornerstone of their care. Results from monitoring are used to assess the efficacy of therapy and to guide adjustments in medical nutrition therapy, exercise and medications to achieve the best possible glucose control to prevent hyper-or hypoglycemia (National Institute of Diabetes and Digestive and Kidney Diseases 1994, Goldstein et al 1995) .
At present, a widely used method of self-monitoring of blood glucose (SMBG) involves determination of blood glucose concentration with devices utilizing chemical analysis of blood samples taken by puncturing a finger. Even though SMBG has revolutionized the management of diabetes, discomfort and inconvenience are barriers for effective compliance and, therefore, optimum management (Goldstein et al 1995, National Steering Committee for Quality Assurance in Capillary Blood Glucose Monitoring 1993). These drawbacks may limit the number of blood glucose measurements performed by patients with diabetes and, therefore, result in improper management of the disease. Therefore, there is a great demand for a noninvasive method for frequent or continuous blood glucose monitoring, which would considerably improve the quality of life for diabetic patients, improve compliance for glucose monitoring, and reduce complications and mortality associated with the disease.
Significant efforts have been made by several scientific groups and companies in the past two decades in order to develop a biosensor for noninvasive blood glucose analysis based on different optical approaches (reviewed in Cote (1997) ). These approaches include NIR absorption and scattering (Pan et al 1996 , Gabriely et al 1999 , Robinson et al 1992 , Maier et al 1994 , polarimetry (Rabinovitch et al 1982 , Cote et al 1992 , Raman spectroscopy (Goetz et al 1995) and photoacoustics (MacKenzie et al 1999) . Despite significant efforts, the described techniques for noninvasive monitoring of glucose concentration have faced limitations associated with low sensitivity, accuracy and insufficient specificity of glucose concentration measurement at physiological range (4-30 mM or 72-540 mg dl −1 ). The invasive devices for home use have accuracy of 20% (Nettles 1993) . A noninvasive glucose sensor should have at least the same or better accuracy and have an acceptable specificity.
Mechanism of glucose-induced changes in tissue scattering
An important ability of glucose to change the tissue scattering coefficient, µ s , is based on its osmotic properties (Tuchin et al 1997) . Changes in tissue scattering are more specifically attributed to glucose as an osmolyte than changes in tissue absorption spectra due to the presence of glucose as a chromophore in the NIR spectral range. The scattering coefficient of tissues is dependent on the refractive index, n, mismatch between the extracellular fluid (ECF) and the cellular components. In the NIR spectral range, the index of refraction of ECF is 1.35-1.36, whereas the index of refraction of the cellular components and protein aggregates is in the range of 1.35-1.41 (Duck 1990 , Drezek et al 1999 .
In a simple model of scattering dielectric spheres, the reduced scattering coefficient can be approximately calculated as (Graaff et al 1992) ( 1) where r is the sphere radius, ρ s is the volume density of the spheres, λ is the wavelength of the incident light, and n s and n medium are the refractive indices of scatterers and surrounding medium, respectively. This equation is valid for non-interacting Mie scatterers and g > 0.9; 5 < 2πr/λ < 50; 1 < n s /n medium < 1.1. If the refractive index of scatterers remains the same and is higher than the refractive index of the medium, the increase of glucose concentration in the medium reduces the refractive index mismatch, n = n s − n medium , and, hence, the scattering coefficient is also reduced:
where δn glucose is the glucose-induced increase of n medium . The same is true for the tissues: the increase of glucose concentration in the ECF reduces the refractive index mismatch, δn = n s − n ECF , and, hence, the tissue scattering coefficient is also reduced:
Therefore, the increase of blood glucose concentration will raise the refractive index of the ECF that will decrease the scattering coefficient of the tissue as a whole. This effect was studied by Kohl et al in tissue-simulating phantoms (Kohl et al 1995) , Tuchin et al in vitro (Tuchin et al 1997) , and Maier et al and Bruulsema et al in vivo in human volunteers (Maier et al 1994 , Bruulsema et al 1997 . They demonstrated (0.05-0.1)% mM −1 decrease of the scattering coefficient in human muscle and adipose tissue (Kohl et al 1994) , 0.6% mM −1 in muscle tissue of human thigh with the relative error of µ s µ s ∼ = ±0.4% (Maier et al 1994) , and (0.11-0.34)% mM −1 in human adipose tissue with the relative error of µ s µ s ∼ = ±0.3% (Bruulsema et al 1997) . Results of these studies showed a potential for the optical methods to detect small changes in tissue scattering as a function of blood glucose concentration. However, the detection of diffusively scattered photons results in low sensitivity and accuracy of glucose concentration measurements due to integration of the signal over the entire optical path in tissues. A blood glucose-monitoring system needs to be more sensitive and accurate than the systems tested in these studies.
Recently, we proposed to use the optical coherence tomography (OCT) technique for noninvasive, accurate, and sensitive monitoring of the blood glucose concentration in skin (Esenaliev et al 2001 , Larin et al 2002 . The OCT technique has several advantages over other optical methods proposed for noninvasive measurement and monitoring of tissue optical properties such as high resolution and capability of probing specific tissue layers.
The skin consists of three major layers: dead keratinized layer of squames (stratum corneum of epidermis); prickle cells layer (epidermis) and connective tissue of dermis. The OCT technique allows measurement of glucose-induced changes in the skin scattering coefficient directly from the dermis, the only layer with the developed blood microvessel network.
Optical coherence tomography technique
OCT is a new imaging technique that provides images of tissues with resolution of about 10 µm or less (8-25 times greater than any existing ultrasound modality) at a depth of up to 1 mm depending on optical properties of tissue. This technique was introduced in 1991 to perform tomographic imaging of the human eye (Huang et al 1991) . Since then OCT is being actively developed by several research groups for many diagnostic applications.
In its most basic configuration, OCT system consists of a simple Michelson interferometer with a low temporal coherence laser source in one arm, in-depth scanning system in the second 'reference' arm, an object under study in the third 'sample' arm and registering photodiode in the fourth arm. Usually, the sample arm has additional scanning system that allows formation of cross-sectional two-and three-dimensional images of tissues. The intereferometric signals in OCT system can be formed only when the optical path length in the sample arm matches that in the reference arm within the coherence length of the source. Therefore, the coherence length of the source and the group refractive index of tissues will determine the in-depth resolution of the OCT system.
Attenuation of light intensity for ballistic photons, I, in a medium with scattering and absorption is described by the Beer-Lambert law:
where µ t = µ s + µ a is the attenuation coefficient of ballistic photons, µ s and µ a are the scattering and absorption coefficients, respectively, and I 0 is the incident light intensity. Since absorption in tissues is substantially less than scattering (µ a µ s ) in the NIR spectral range, the exponential attenuation of ballistic photons in tissue is dependent mainly on the scattering coefficient:
Since the tissue scattering coefficient (µ s ) changes with glucose concentration, the exponential profile of light attenuation in tissue is dependent on glucose concentration. Therefore, one can monitor glucose concentration by measuring the exponential slope of light attenuation in tissue with the OCT technique (Esenaliev et al 2001 , Larin et al 2002 .
In this paper, we present results of our experimental and theoretical investigations of the specificity of the OCT-based glucose sensor. Skin optical properties can vary due to changes in different physiological or environmental conditions (such as an osmolyte concentration fluctuations and temperature) and by chemical or physical manipulations (such as by introducing index-matching osmotically active chemical agents or compression (Tuchin et al 1997 , Vargas et al 1999 , Chan et al 1996 ). For example, skin squeezing decreases the concentration of ECF and the introduction of osmotically active chemical agents (such as glucose) reduces water concentration in the ECF. All of these processes decrease the scattering coefficient. Changes in scattering coefficient can be produced by: (1) altering the refractive index mismatch between the interstitial fluid (ISF) and scattering centres and (2) structural modifications in tissue (e.g., cell volume change). Besides that, tissue heterogeneity, motion artefacts, changes in temperature, blood pressure, heart rate, and hematocrit, and surgical and anaesthesia procedures may influence the signals. This study is devoted to the experimental and theoretical analysis of the influence of these parameters on the OCT signal slope. 
Materials and methods

Experimental set-up
The experimental set-up used in our studies is depicted in figure 1 . The experiments were performed with a portable OCT system with the wavelength of 1300 nm, superluminescent diode (SLD) with a power of 500 µW, and coherence length of approximately 14 µm. The radiation emitted from the SLD was coupled into a single-mode fibre-optic Michelson interferometer along with an aiming (visible) beam of a CW light-emitting diode with the wavelength of 640 nm. Light in the sample arm of the interferometer was directed into the objects to be imaged using a single-mode optical fibre and focused with lenses. The output power in the sample arm was ∼200 µW. Light scattered from the sample and light reflected from the reference arm mirror formed an interferogram, which was detected by a photodiode. The signal from the photodiode was preamplified, electronically filtered around the Doppler-shifted frequency ( f D = 700 kHz), amplified by a logarithmic amplifier, digitized by an analogue-to-digital converter (ADC), and recorded by a laptop computer (PC) for further processing. The logarithmic amplifier had the dynamic range of 0-100 dB with the amplification coefficient of 23 mV dB
, and the noise level of 5-10 dB without averaging and ∼0.2 dB with averaging of 512 signals (Kholodnykh et al 2003) .
In-depth scanning was produced electronically by piezo-electric modulation of the fibre length. Specially designed optical probes were used to scan the incident beam over the sample surface in the lateral direction. In-depth (Z-axial) scanning by the interferometer and the lateral scanning by the probe allowed for reconstruction of two-dimensional images (300 by 400 pixels). Each scan in the Z direction was averaged 5-7 times. The lateral scanning length was up to 3 mm. Each lateral scan was accomplished every 20-30 s. The OCT system operation was automated and controlled by the PC. The lateral resolution of the OCT system was 12 µm.
Theoretical calculations
The Mie theory of scattering (Van de Hulst 1981) was used to calculate the scattering coefficient as a function of glucose concentration in the phantoms. A subroutine for calculating the scattering and absorption cross sections and anisotropy parameter (BHMIE given by Bohren and Huffman (Bohren and Huffman 1983) ) was applied to calculate the scattering coefficient for polystyrene microspheres with a diameter of 760 nm in water.
The wavelength dependences of refractive indices of water, n water , and polystyrene, n pol , used in our calculations are n water (λ) = 1. λ 6 where λ is in nanometers (Maier et al 1994) . The glucose-induced change in refractive index is n = 2.73 × 10 −5 mM −1 (Tuchin et al 1997) .
Animals studies
Yucatan micropigs (age: 4-5 months) and New Zealand white rabbits (weight: 3-3.5 kg) were used in animal studies. The hairless Yucatan micropig is recognized as the best model of human skin (Fujii et al 1997 , Kurihara-Berhstrom et al 1986 . All procedures with animals were performed in accordance to an animal protocol approved by the Institutional Animal Use and Care Committee of the University of Texas Medical Branch. Animals were pre-anaesthetized with a standard telazol/xylazine/ketamine mixture given intramuscularly. Yucatan micropigs were placed in a specially designed holder in order to minimize motion of the animals during experiments.
Two glucose intravenous (i.v.) administration protocols were used in the animal studies: (1) bolus glucose injections resulting in sharp and rapid increase of blood glucose concentration and (2) glucose clamping. The clamping technique allowed slow, controlled i.v. administrations of glucose at desired rates to simulate normal physiological changes in blood glucose concentration. Therefore, it minimizes a possible tissue physiological response to a sharp increase in the glucose concentration such as a change in cell volume, ECF fractional volume, blood microvessel diameter that can be induced by bolus injections. Glucose administration was performed through the left femoral vein and blood samples were taken (stratum corneum of epidermis), prickle cell layer (epidermis) and connective tissue of dermis. These major skin layers are also visible in the OCT image ( figure 2(b) ) and signal ( figure 2(c) ). The stratum corneum (average thickness ∼15 µm), a highly scattering skin layer, produced the first peak in the OCT signal. The prickle cell layer has less scattering (thickness of ∼110 µm) and produced the minimum in the OCT signal. The second peak and the rest of the OCT signal are produced by the dermal skin layer.
OCT images obtained from skin of animals were processed using an original program developed in Microsoft Visual C++ 6.0 to obtain OCT signals and to calculate the OCT signal slopes. The two-dimensional images (figure 2(b)) were averaged in the lateral (x-axial) direction into a single curve to obtain an OCT signal that represents one-dimensional distribution of light in depth ( figure 2(c) ). The OCT signals were plotted in a logarithmic scale and the slope of the signals was calculated at specific depths by the linear least-squares method. As an example, figure 2(d) shows two representative signals obtained from a Yucatan micropig skin during glucose clamping experiment at low (∼100 mg dl ) and high (∼300 mg dl −1 ) blood glucose concentrations. The difference between these two OCT signals was observed at a depth of 260 to 400 µm that corresponds to the dermis skin layer. The linear fit of the OCT signals at this layer revealed an OCT signal slope decrease of 25% (from −0.002 04 to −0.001 53) due to the increase of the blood glucose concentration from 100 to 300 mg dl −1 that yields 2.3% change in the OCT signal slope per 1 mM.
Results and discussion
Refractive index matching
Variation of glucose concentration in the extracellular space produces changes in the refractive index mismatch between the extracellular fluid and scatterers and, therefore, affects the tissue scattering properties. However, the variation of the concentration of other tissue components may affect the tissue scattering coefficient if these components alter the refractive index mismatch. Figure 3 shows the dependence of the refractive index on the concentration of different osmolytes of the body. The graph shows data for glucose, potassium chloride (KCl), sodium figure 3 that all of the listed osmolytes increase the refractive index of a background solution when concentration increases, however glucose has the most pronounced effect. According to these data, the absolute change in the refractive index is equal to 2.55 × 10 −5 mM −1 for glucose, 0.96 × 10 −5 mM −1 for KCl, 0.98 × 10 −5 mM −1 for NaCl and 0.85 × 10
for urea. A summary of the changes in the refractive index and scattering coefficient (calculated using the Mie theory of scattering) for the substances shown in figure 3 is presented in table 1. Column 2 shows absolute ( n) changes in the refractive index. Normal reference laboratory values of physiological changes in concentrations of these substances (Kratz and Lewandrowski 1998) and their maximum influence on the total osmolality change in the extracellular fluid (relative to total osmolarity of ISF 302 mOsm l −1 (Guyton 1996) ) are listed in the third and fourth columns, respectively. The Mie theory of scattering was used to calculate corresponding changes in the tissue scattering coefficient (the fifth column) produced by a variation in the concentration of the substances listed in the third column. The last column shows changes in the scattering coefficient of the KCl, NaCl and urea relative to that of glucose. One can see from this column, the maximal possible influence of these substances on the scattering coefficient (assuming that their concentration changes in the physiological range) is much less (from 0.023 to 0.13) than that produced by glucose.
Therefore, the data presented in figure 3 and table 1 show that although a concentration change of KCl, NaCl and urea in the physiological ranges can potentially change the tissue scattering coefficient by altering the refractive index mismatch, the effect of glucose is at least 8 to 40 times greater.
Glucose as an osmotic agent
The volume change upon the exposure of cells to osmotic pressure induced by different osmolytes has been extensively studied in a great variety of cells. The physiological effects and mechanism of the cell volume change under osmotic conditions have been reviewed in (Haussinger and Lang 1991) . The response of cells exposed to osmotic pressure consists of two major parts: an initial change in their volume and return of their volume to the nearly initial values using regulatory mechanisms. A hypo-osmotic stress (e.g., made by lowering osmolytes concentration in extracellular fluid) results in water transport from extracellular to intracellular space and increases cell volume (cell swelling). On the other hand, a hyper-osmotic stress (e.g., made by increasing osmolytes concentration in extracellular fluid) results in water transport from intracellular to extracellular space and decreases cell volume (cell shrinkage). These changes in cell volume can alter light scattering in tissues (Chance et al 1995) . Therefore, it is important to estimate the possible influence of glucose-induced changes in cell volume on scattering properties of tissues.
In order to illustrate the effect of glucose-induced changes on cell volume, one can consider the response of a cell to an osmotic stress without volume regulation mechanism. For example, data obtained for isolated rabbit ventricular myocytes subjected to osmotic stress (Suleymanian and Baumgarten 1996) show that doubling of an osmolyte concentration results in approximately a 35% decrease in cell volume. Total osmolarity of the ISF, π T , is 302 mOsm l −1 (Guyton 1996) . The blood glucose concentration can be in the range from 3 mM to 30 mM and, thus, may alter π T by a maximum of 9%. Therefore, glucose-induced changes in the relative volume of myocytes and diameter (assuming that the cells are spherical) may be a maximum of 3.3% and 1.5%, respectively. Figure 4 shows the dependence of the scattering coefficient (calculated by using Mie theory) of a medium on diameter of scattering centres. As one can see from the figure, the theory predicts 6% change in the scattering coefficient upon 1.5% change in the diameter. Therefore, maximal possible glucose-induced decrease of the scattering coefficient in rabbit ventricular myocytes due to variation of cell volume is approximately 6% if glucose concentration increases from 3 to 30 mM (or 0.22% mM
−1
). These changes are much lower than the changes in the OCT signal slope obtained from skin (Esenaliev et al 2001 , Larin et al 2002 .
Addition of osmotically active agents to tissues may produce structural modifications if concentrations of osmolytes are high. For instance, Vargas demonstrated that addition of high concentration of glucose (4.2 M) to the rat skin results in 20% water loss (Vargas 2001) that may significantly decrease overall tissue scattering. However, at physiologically relevant concentrations of glucose (3-30 mM), the water loss would be only 0.005% mM −1 (assuming a linear dependence between glucose concentration and water loss). Therefore, most likely the glucose-induced structural changes do not contribute to the change in the OCT signal slope at physiologically relevant concentrations. Figure 5 shows results obtained from the skin of the rabbit ear during bolus glucose injection experiments. OCT images were obtained from the left ear, blood samples were taken from the left femoral vein, and the glucose solution was administrated through a right ear vein. Circles and squares in figure 5(a) and all of the following similar graphs present the actual values of the OCT signal slope and blood glucose concentration, respectively. Corresponding solid curves (in figure 5(a) and all of the following similar graphs) were obtained by smoothing of the actual values using adjacent averaging algorithm: the smoothed value at index i is the average of the data points in the interval [i − (n − 1)/2, i + (n − 1)/2], inclusive, where n is the number that controls the degree of smoothing. The number n was chosen to smooth over 3-4 min of the experiments and typically was equal to 10. Single bolus glucose injection was performed 4 min after the onset of the experiment and resulted in the increase of blood glucose concentration from a baseline of approximately 380 mg dl −1 to its maximum of 535 mg dl −1 in 5 min followed by slow physiological decrease. The increase and decrease of the blood glucose concentration are followed by the decrease and increase of the measured OCT signal slopes, respectively. Approximately, 200 µm thick layer at the depth of 700 µm was used to calculate the OCT signal slope. The slope change was approximately 8% mM −1 in this experiment.
Bolus glucose injection versus glucose clamping
The slopes of the OCT signal obtained from the rabbit skin (ear) and corresponding blood glucose concentrations measured at different time during the glucose clamping experiment are shown in figure 6(a). Figure 6 (b) demonstrates their linear dependence on blood glucose concentration. Glucose solution (50% w/w) was injected for approximately 45 min (from 20th to 65th min of the experiment) using a digital pump at the rate of 0.18 ml min . This resulted in the increase of blood glucose concentration from baseline level of 110 mg dl −1 (∼6 mM) to 400 mg dl −1 (∼21.6 mM). The slope of the OCT signals at the depth from 300 µm to 400 µm changed approximately 54% in the range from 110 to 400 mg dl −1 (3.3% mM
). Good correlation between changes in actual blood glucose concentration and the slope was observed with the correlation coefficient of 0.88 and p-value less than 0.01%. The lag time between increase of blood glucose concentration and decrease of the OCT signal slope was approximately 8 min. The lag time of 0-15 min observed in our experiments is in agreement with the lag time between glucose concentrations in the ISF and blood measured by other researchers (Pickup et al 1989 , Matthews et al 1988 , Jensen et al 1995 , Stout et al 2001 .
Comparison of results obtained from experiments involving these two different protocols of glucose administration showed that the changes in the OCT signal slope were 3-4% mM −1 higher during bolus glucose injection than that during the glucose clamping. The only difference between these two methods is the rate of i.v. glucose administration. Therefore, the tissue physiological response to the sharp increase of ECF osmolyte concentration, besides refractive index matching, could contribute to the OCT signal slope changes. However, as it was mentioned earlier, tissue response during slow changes in blood glucose concentration in the physiological range should be insignificant.
Tissue heterogeneity and motion artefacts
Skin and other tissues are highly inhomogeneous and have non-uniform density and refractive index distribution in depth and lateral directions. Heterogeneity of skin can change the OCT signal due to tissue motion. Figure 7 shows the difference between two OCT signals recorded at two different times from the same place of a homogeneous object (aqueous suspension of polystyrene microspheres) and of an inhomogeneous object (rabbit skin). The difference is several times higher for the skin than that for the homogeneous object that produces fluctuations of data points shown in the previous figures.
High optical inhomogeneity of skin and motion artefacts may change the OCT signal slope and, thus, may decrease accuracy and specificity of the glucose-monitoring system. Figure 8 shows results obtained from a glucose clamping experiment performed with a micropig. OCT signals were measured from the lip. The animal suddenly moved at 100th min of the experiment and the system started to probe another area of the lip. This was clearly reflected in the value of the OCT signal slope ( figure 8(a) ). Correction of the slope for this displacement (by scaling of the OCT signal slope axis) yielded better correlation with the blood glucose concentration values ( figure 8(b) ). Therefore, it is important to minimize or control the optical probe displacement relative to the skin surface in order to provide accurate measurements of the glucose concentration with the OCT technique. 
Temperature
Several experiments were performed to elicit the effect of skin temperature on the OCT signal slope. Experiments performed in skin tissue in vivo using the OCT technique showed a dependence of the OCT signal slope on the skin temperature. Figure 9 (a) shows a typical result obtained from rabbit skin during skin heating with hot air produced by a heat gun. Skin temperature was monitored using a thermocouple placed on the skin surface near the OCT probe. The results show approximately 50% decrease of the OCT signal slope with the increase of skin temperature from 35
• C to 42
• C and increase back to the original values due to passive tissue cooling. Therefore, tissue heating may change optical properties. Most likely, the mechanism of the temperature-induced changes in tissue optical properties is the increase of perfusion in tissue and change in cell volume. However, Figure 10 . OCT signal slope measured from micropig skin during glucose clamping experiment and corresponding blood glucose concentration (squares), mean blood pressure (rhombi) and heart rate (circles).
normal temperature fluctuations of the skin (±1
• C) did not change the OCT signal slope in a control experiment without heating ( figure 9(b) ).
Blood pressure and heart rate
Heart rate and average blood pressure were recorded in most animal experiments. Figure 10 shows the OCT signal slope (measured in micropig skin), corresponding blood glucose concentration, mean blood pressure and heart rate recorded during a glucose clamping experiment. No significant effect of the blood pressure and heart rate on the OCT signal slope was observed in these experiments. Therefore, fluctuations of blood pressure and heart rate in our experiments do not decrease accuracy and specificity of the OCTbased glucose sensor. However, further investigation required in order to understand the influence of the heart rate and blood pressure on the tissue optical properties under different conditions.
Hematocrit
Influence of hematocrit on the OCT signal slope was studied in several experiments in vivo. The hematocrit was varied by injecting saline (without glucose) in blood. Figure 11(a) shows the OCT signal slope and corresponding hematocrit measured during an experiment with saline injection. The OCT signals were recorded in vivo from rabbit blood circulating in a thin glass tube. The ends of the glass tube were inserted into two latex tubes that were attached to an ear artery and vein to make a closed loop for blood circulation. Results presented in figure 11 (a) demonstrate that the variation in hematocrit produce changes in the OCT signal slope obtained from the blood. An 18% decrease in hematocrit lowers the OCT signal slope by 16%. This is in agreement with our previous results: the OCT signal slope is linearly proportional to the concentration of scattering particles in a medium. However, the OCT signal slope obtained from skin was not dependent on the concentration of red blood cells. As demonstrated in figure 11(b), variation of hematocrit from 41% to 37% did not significantly change OCT signal slope obtained from rabbit skin. Therefore, these results suggest that there is no influence of the hematrocrit on OCT signal slope measured from skin. Figure 12 shows data obtained in a control experiment when no glucose was administered. The same surgery and anaesthesia procedures were used during this experiment. The OCT signal slope was calculated at different depths. No significant changes in blood glucose or the OCT signal slopes at any depth were observed. As an example, the data obtained at the depth from 300 µm to 400 µm (dermis area) are shown in figure 12 . Therefore, these results indicate that the surgical procedure and anaesthesia did not decrease accuracy and specificity of glucose monitoring in our experiments.
Surgery and anaesthesia
Conclusions
Our theoretical and experimental studies of specificity of the glucose-induced changes in the OCT signal slope demonstrated that: (1) several body osmolytes may change the refractive index mismatch between the ISF and scattering centres, however the effect of glucose is approximately one to two orders of magnitude greater; (2) an increase of the ISF glucose concentration in the physiological range (3-30 mM) may decrease the scattering coefficient by 0.22% mM −1 due to cell volume change; (3) bolus glucose injections produce greater changes in the OCT signal slope compared with that measured during glucose clamping experiments (most likely due to the tissue physiological response to a rapid increase of the osmolyte concentration such as changes in cell volume and concentrations of scattering centres, and, possibly, changes in tissue structure); (4) stability of the OCT signal slope is dependent on tissue heterogeneity and motion artefacts; (5) moderate skin temperature fluctuations (±1
• C) do not decrease accuracy and specificity of the OCT-based glucose sensor, however substantial skin heating or cooling (several • C) significantly change the OCT signal slope; and (6) fluctuations of blood pressure, heart rate, hematocrit as well as surgical procedures and anaesthesia did not alter the skin optical properties in our experiments. These results suggest that the observed changes in the OCT signal slope during our animal and clinical experiments in healthy subjects (Esenaliev et al 2001 , Larin et al 2002 are most likely due to variation of the blood glucose concentration. However, further investigation of specificity of the OCTbased glucose sensor is required, in particular, in diabetic patients. For example, it is known that patients with diabetes sometimes develop hyperkalemia (an elevated serum potassium level) (Stevens and Dunlay 2000) that may influence specificity of the OCT-based glucose sensor.
The specificity and accuracy of the OCT-based glucose sensor can be improved by using different approaches including, for instance, application of multi-wavelength measurements when the OCT signal is recorded simultaneously at two or more different wavelengths.
